Multiphoton microscopy has enabled biologists to collect high-resolution images hundreds of microns into biological tissues, including tissues of living animals. While the depth of imaging exceeds that possible from any other form of light microscopy, multiphoton microscopy is nonetheless generally limited to depths of less than a millimeter. Many of the advantages of multiphoton microscopy for deep tissue imaging accrue from the unique nature of multiphoton fluorescence excitation. However, the quadratic relationship between illumination level and fluorescence excitation makes multiphoton microscopy especially susceptible to factors that degrade the illumination focus. Here we examine the effect of spherical aberration on multiphoton microscopy in fixed kidney tissues and in the kidneys of living animals. We find that spherical aberration, as evaluated from axial asymmetry in the point-spread function, can be corrected by adjustment of the correction collar of a water immersion objective lens. Introducing a compensatory positive spherical aberration into the imaging system decreases the depth-dependence of signal levels in images collected from living animals, increasing signal by up to 50%.
Introduction -the role of intravital microscopy in biomedical research
Intravital microscopy has become an essential tool in biomedical research. It has become increasingly appreciated that biological processes must be evaluated in the context of the whole organism. In the past, such studies have involved analysis of fixed tissues. While many aspects of structure may be deduced from studies of fixed tissues, these studies can only indirectly address function and cannot characterize dynamic processes. In addition, it is frequently unclear how well the true structure of biological tissues and distribution of molecular components are preserved in fixed tissues. For this reason, various techniques of ''in vivo imaging'' have been developed, such as positron emission tomography (PET), single photon emission computed tomography (SPECT), and magnetic resonance imaging (MRI). However, the spatial and temporal resolution of these techniques are frequently too poor to characterize processes occurring within cells at sub-second timescales [1] .
Multiphoton microscopy has given researchers the ability to image inside living organs at micron resolution and timescales of seconds or less [2] [3] [4] [5] [6] [7] [8] [9] [10] . Additionally, because multiphoton microscopy is a fluorescence technique, it has the ability to localize multiple specific molecules simultaneously. Multiphoton microscopy has also been shown to allow extended observation of even highly sensitive processes without detectable damage. For example, hamster embryos were repeatedly imaged every 15 min over a period of 24 h without adversely affecting their development [11] .
Unfortunately, signal levels in multiphoton microscopy rapidly attenuate with depth into tissues. Conse-quently, multiphoton microscopy is capable of collecting images only at relatively shallow depths of less than a millimeter [4, 5, 8, 10, [12] [13] [14] . Signal attenuation results from both reduced excitation and collection of fluorescence as one images deeper into tissues. Both the light used to excite fluorescence and the fluorescence emissions themselves are scattered and absorbed by biological tissues. The role of scattering and absorption in signal attenuation in multiphoton microscopy has been amply described, characterized and modeled [4, 8, 10, 12, [14] [15] [16] [17] . Here we describe the role of an additional factor in signal attenuation: spherical aberration resulting from refractive index mismatch.
Background -in vivo fluorescence microscopy
Fluorescence microscopy is a powerful, important tool in biomedical research that has enabled scientists to image in vivo with spatial and temporal resolution orders of magnitude better than other in vivo techniques. Common in vivo techniques include PET, SPECT, and MRI with spatial resolutions in the range of millimeters [1] . However to achieve these high resolutions, these techniques require signal integrations on the order of minutes. These long integrations are incompatible with the rapid dynamics of many physiological processes and, ironically, also compromise the resolution of all but the most immobile tissues. In contrast, fluorescence microscopy has a spatial resolution of less than 1 lm on a timescale of seconds or less [1] . The temporal resolution and spatial resolution of fluorescence microscopy give it the capability to resolve dynamics of even subcellular events [2, 18, 19] .
Fluorescence microscopy is a technique that uses light to excite fluorescence in the sample and collects that emitted fluorescent light to form an image. Using a variety of techniques, investigators can fluorescently label specific molecules in a tissue, and then collect images of the distribution and behavior of those specific molecules. Fluorescent molecules have the property that when excited by a small range of wavelengths of light (excitation spectra), they emit light at a small range of longer wavelengths (emission spectra) spherically in all directions. The difference between the excitation and emission wavelengths (also known as the Stokes' shift) is the basis for the extraordinarily high contrast of fluorescence microscopy. Light from a high energy light source, such as a mercury arc lamp, is passed through a barrier filter designed to pass only those wavelengths that will optimally excite the particular fluorophore, and then reflected onto the sample, where it stimulates fluorescence. This fluorescence, which is very dim relative to the amount of light applied to the sample, is then collected by the objective lens, and passed through optical filters that selectively pass only the wavelengths of light in the range of the fluorescence emissions. In this way, only the dim fluorescence, but not the very bright light used to excite the fluorescence is passed on to the eyepiece or camera. This results in an image of the distribution of the fluorophore against an essentially black background.
An additional advantage of fluorescence microscopy is the capability to detect multiple components in a sample. By specifically tagging multiple targets in a tissue with different, spectrally distinct fluorophores, researchers can collect images of the distributions of multiple molecules in the same sample, allowing them to compare their spatial relationships. Samples are sequentially illuminated with different wavelengths of light used to specifically excite each probe, and fluorescence emissions are collected using filters optimized for that probe alone. With judicious choice of spectrally distinct fluorophores, researchers can collect 2, 3, or more different fluorescent images of a sample, and then deconvolve the composite spectrum into its individual components.
Conventional fluorescence microscopy, as described above, works well for thin specimens, but for thick specimens, especially in the case of in vivo imaging, fluorescence from out-of-focus planes increases background signal, reducing contrast and degrading image quality to the point where features cannot be distinguished. For this reason, conventional fluorescence microscopy is limited to examination of the most superficial layers of biological tissue. Confocal fluorescence microscopy was developed to solve this problem. In confocal microscopy, a pinhole is placed in the emission path in a plane conjugate with the objective focal plane to reject out-of-focus fluorescence, so the detector preferentially collects light from a single point in the specimen. An image is formed by scanning a focused beam of light across the sample, and ''de-scanning'' the emitted fluorescence onto a photomultiplier tube, which effectively builds up the image point by point. This makes image formation substantially different from conventional wide-field fluorescence microscopy where the entire specimen is illuminated and the eye or detector, typically a CCD camera, directly images the resulting fluorescence from the entire volume. In order to acquire images in reasonable periods of time, each point in the sample is imaged in a very brief interval, on the order of microseconds. In order to capture sufficient signal during this brief interval, very intense illumination is used, typically from a laser. A corollary benefit of confocal microscopy is that each image is an optical section of a thick sample, and these optical sections can be combined to form a three-dimensional image of the tissue.
Multiphoton microscopy (MPM) is another form of fluorescence microscopy that is also capable of optical sectioning, but unlike confocal microscopy, which utilizes a confocal pinhole to eliminate out-of-focus fluorescence, the optical sectioning of MPM arises from the localized excitation of fluorescence. MPM is based upon a nonlinear process where two (or more) photons are absorbed simultaneously (via a virtual state) by a molecule causing a transition to the excited state. In the case of two-photon microscopy, this requires that the summed energy of the two photons equal the energy required to make the transition. Because energy is inversely proportional to wave-length, the wavelength of the two photons will be approximately twice that of a single photon capable of exciting the molecule, typically 700-1000 nm. For these two low energy photons to be absorbed ''simultaneously,'' they must arrive within approximately 10 À16 s of each other, the lifetime of the virtual state [10] . The probability that two photons will be absorbed, such that excitation may occur, depends quadratically on the excitation power, or photon density, and is very low under normal conditions [20] . The probability is increased by focusing light to a point with a high-numerical aperture (NA) objective. Due to the conical geometry of the illuminating beam, average photon density will, on first principles, decrease with the square of axial distance from the focal plane. This combined with the quadratic dependence of two-photon excitation results in fluorescence excitation falling off with the fourth power of axial distance from the focus. As a result, fluorescence is stimulated only in a sub-femtoliter volume at the focus, the only place with a photon density high enough for two-photon excitation to occur.
However, the photon density required to stimulate twophoton excitation is so high that it would rapidly destroy biological samples. This problem is avoided by using a pulsed laser system. By rapidly, but briefly pulsing the laser, a modest laser can generate a peak power sufficient to excite two-photon fluorescence, but an average power low enough to avoid harming the sample. In this way, a typical MPM system generates a peak photon flux approximately a million times that at the surface of the sun, but at an average photon flux low enough that it results in negligible heating of most samples [21] .
Since excitation is localized to a single point in the sample, image formation in MPM requires scanning, as with confocal microscopy. However, unlike confocal microscopy, the localized excitation of fluorescence means that MPM can accomplish optical sectioning without the need of a confocal pinhole.
Signal attenuation in multiphoton microscopy
Although confocal and multiphoton microscopy make optical sectioning possible, deep tissue imaging is still a challenge due to the fact that signal levels attenuate with depth [4, 5, 8, 10, [12] [13] [14] . Fluorescence signals can attenuate with depth due to reduced excitation or reduced collection of fluorescence emissions. On first principles, both excitation and detection of fluorescence will decrease with depth due to the effects of scattering and absorption by the tissue. In addition, signal levels can decline with depth when the refractive index of the tissue is not matched to that of the immersion fluid of the objective [22] [23] [24] [25] . This ''refractive index mismatch'' results in spherical aberration, a condition in which paraxial light rays and peripheral light rays focus to different places, broadening the focal point of the objective lens. While both confocal and multiphoton microscopy are susceptible to each of these factors, the magnitude of their effects is much reduced by the unique design of the multiphoton microscope, as described below.
Several factors may impede the ability to collect fluorescence stimulated at depth in biological tissue. Fluorescence photons may be absorbed by the tissue, or may be scattered away from the detector. The effects of scattering on light propagation in tissue are typically ten to one hundred times more significant than absorption [26, 27] . Calculations indicate that the magnitude of scattering is such that nearly all of the fluorescence arising from a point 100 lm into tissue is scattered prior to exiting the tissue [4, 13] . Since deep-tissue microscopy typically involves imaging into a tissue whose average refractive index does not match that of the objective immersion medium, the single point of fluorescence stimulated in a confocal or MPM system will form an image broadened by spherical aberration.
Since scattering and broadening of the image of the focal spot results in the rejection of fluorescence by the confocal pinhole, scattering and spherical aberration significantly reduce the collection of fluorescence in confocal microscopy, leading to declining signal collection with depth. However, since a confocal pinhole is not required in MPM, large-area detectors can be used to collect fluorescence emissions, even in highly scattering samples and/or in samples inducing spherical aberration. Thus the fluorescence detection system of a multiphoton microscope makes it much less susceptible to the effects of both scattering and spherical aberration on signal collection.
Scattering and absorption also may reduce fluorescence excitation. To some degree the impact of these factors is minimized in MPM, which uses near-infrared light to excite fluorescence, unlike confocal microscopy which uses either ultraviolet or visible light. Due to the fact that Rayleigh scattering decreases with the fourth power of wavelength, near-infrared light is less susceptible to scattering. In addition, because proteins absorb ultraviolet and visible light, and water absorbs higher wavelengths of light, there is an ''optical window'' at 600-1000 nm, the range commonly used in MPM, where absorption is minimal [1, 5] .
Thus, the use of near-infrared light to excite fluorescence, and the use of large-area detectors to collect fluorescence gives MPM significant advantages over confocal microscopy for deep-tissue imaging, minimizing many of the issues of light absorption, scattering, and spherical aberration that hamper confocal microscopy.
The role of spherical aberration in deep-tissue multiphoton microscopy
While the use of near-infrared light gives MPM an advantage over confocal microscopy for deep-tissue fluorescence excitation, the quadratic dependence of fluorescence excitation may make MPM more sensitive to depth, in some respects. First, any attenuation in the amount of light at the focus quadratically reduces fluorescence excitation, which may offset the benefits of using near-infrared light for excitation to some extent. Second, MPM will be much more sensitive to any factor in tissue that broadens the focused spot. Consistent with this, studies in model systems have shown MPM is highly sensitive to spherical aberration [12, 22, 24, 25] .
Spherical aberration may be expected to be a particular problem for MPM in biomedical research, since the refractive index of biological tissues seldom matches that of the immersion medium used in microscopy. Dong et al. [28] examined skin tissue and found signal to be increased by 10% at depth in the dermis layer when imaging with an oil-immersion objective versus a comparable water immersion objective. This is likely due to better matching of refractive index since the stratum corneum of the epidermis has an average refractive index of 1.47 which is much closer to that of oil than water.
Of the various factors limiting MPM at depth, the quality of the focused illumination volume, which is critically important to efficient multiphoton fluorescence stimulation, may be an issue that can be addressed to significantly improve MPM at depth. Whereas scattering and absorption are inevitable characteristics of the tissue, the amount of spherical aberration induced by tissue can be manipulated in various ways.
Probably the simplest way of manipulating spherical aberration is to simply avoid it, by using low-numerical aperture objectives that are generally less susceptible to the effects of spherical aberration. Consistent with this, Tung et al. [29] found that low-numerical aperture objectives out-perform high-numerical aperture objectives for MPM of test samples and biological tissues at depth.
The potential of manipulating spherical aberration in high-numerical aperture objectives in order to improve fluorescence imaging at depth was demonstrated nearly 20 years ago by the laboratory of Hiraoka et al. [30] which demonstrated that using an oil-immersion objective to collect images of objects mounted in glycerol (n = 1.417) resulted in images distorted by positive spherical aberration. However, by using an immersion medium with a slightly higher refractive index than oil, they could collect aberration-free images at particular depths in the sample. In effect, the authors introduced a negative spherical aberration into the system that, when combined with the positive spherical aberration induced by the sample, brought the focus of the peripheral and paraxial beams to a single point in the sample.
Spherical aberration can also be manipulated optically. While this may be accomplished via separate optical elements [31] , the most common example of this is in the correction collars used in high-numerical aperture water immersion objectives. Since correction for spherical aberration in these objectives critically depends upon coverslip thickness, they are equipped with adjustable collars that move the objective lens elements such that the paraxial and peripheral rays of light form a tight focus after traveling through a glass coverslip of defined thickness. Conversely, the collar can be used to manipulate the spherical aberration in a particular sample. Taking this approach, Lo et al. [32] found that small, but significant improvements in imaging depth into skin and rat tail tendon could be obtained through adjustment of the correction collar of a water immersion objective.
Spherical aberration in deep-tissue multiphoton microscopy of kidney tissue
The kidney is a complex organ, consisting of a variety of cell types organized into a complicated network of capillaries and renal tubules. While the surface of the kidney is easily imaged by conventional optical microscopy, imaging into the kidney is best approached by MPM [2, 3] . However, we have found that MPM is capable of collecting images from only the first 200 lm into the kidney. Here we evaluate the role of spherical aberration in signal attenuation with depth into fixed and living kidney tissues, and evaluate a simple solution to improve deep-tissue MPM.
The effects of imaging through biological tissue are shown in Fig. 1 , which shows xz cross-sectional images of 1 lm red fluorescent beads collected at a depth of 50 lm into an aqueous medium (A) or 50 lm into fixed kidney tissue (B). Imaging was conducted using the Zeiss LSM-510 Meta Confocal/Multiphoton Microscope System with a water immersion objective (Zeiss, 63x C-Apochromat, NA 1.2). Fluorescence excitation was provided by a titanium-sapphire laser (Spectraphysics, Mountain View, CA) at a wavelength of 800 nm. The shapes of these images are illuminating. First, as expected, the bead imaged in water forms a compact, vertically symmetrical image, somewhat elongated in z, as expected from theory. In contrast, the bead imaged in tissue forms a severely elongated, broadened image with tails on the side closest to the micro- scope objective. This vertical asymmetry in the image suggests negative spherical aberration, a condition in which the peripheral rays emanating from the microscope objective focus deeper into the sample than the paraxial rays, resulting in an elongated focus with pronounced tails projecting up towards the lens. This aberration is to be expected when using an optical system corrected for an aqueous medium to collect images from a sample whose refractive index is higher than water, as when imaging biological tissues.
This process is demonstrated in Fig. 2 , which shows xz cross-sectional images of sub-resolution red fluorescent microspheres collected with a water immersion objective using different correction collar settings. Imaging was conducted using the Olympus FV1000 confocal microscope system that has been adapted for two-photon microscopy by the Indiana Center for Biological Microscopy. A Mai Tai Ti:Sapphire laser (Spectraphysics, Mountain View, CA) provided the excitation light at wavelength 800 nm. Image volumes were collected using a water immersion objective (Olympus, 60x Plan Apochromat, NA 1.2). In this figure, the images shown in the top row were collected with the collar adjusted for a nominal 0.13 mm thickness (A), 0.17 mm thickness (B), and 0.21 mm thickness (C). Since the coverslip was measured to be 0.18 mm thick, it is not surprising that the best results were obtained using the nominal 0.17 mm collar setting, which generated compact and vertically symmetrical point-spread functions. As expected, adjusting the collar to 0.13 mm introduced negative spherical aberration into the imaging system, as reflected in the asymmetrical formation of rings projecting up towards the objective lens. Likewise, adjusting the collar to 0.21 mm resulted in positive spherical aberration, resulting in the formation of rings projecting away from the objective lens.
In order to determine whether this approach could be used to correct for spherical aberration in multiphoton fluorescence images collected at depth in kidney tissue, we collected images of sub-resolution red fluorescent microspheres mounted under 50 lm of fixed kidney tissue. Fluorescence images were collected as in the above study, and xz cross-sectional images are shown in Fig. 2 with the objective lens collar adjusted to nominal settings of 0.13 mm (D), 0.17 mm (E), and 0.21 mm (F), using a glass coverslip measured at a thickness of 0.18 mm.
Kidney tissue is predicted to have an average refractive index of approximately 1.44 [33] . Thus one would expect that an optical system adjusted for an aqueous sample would generate images with negative spherical aberration. As expected, images collected with the collar adjusted to 0.17 mm, appropriate for an aqueous sample, demonstrated significant negative spherical aberration, as reflected by asymmetrical point-spread functions with rings projecting up towards the objective lens. Image results were worsened when the collar was adjusted to 0.13 mm, which in effect added additional negative spherical aberration to the system. However, symmetrical point-spread functions were obtained when the collar was adjusted to 0.21 mm. This adjustment, which introduced a positive spherical aberration into the system, as evidenced in Fig. 2F , appeared to compensate for the negative spherical aberration induced by the tissue. Thus while the point-spread functions are still significantly distorted by the tissue, the spherical aberration induced by the refractive index mismatch of the tissue can be compensated though adjustment of the correction collar of the objective lens.
In order to evaluate whether this approach could be used to ameliorate the effects of spherical aberration on signal levels collected at depth in living tissues, we conducted a quantitative analysis of multiphoton fluorescence images collected from the kidney of a living rat. Using the methods described in Dunn et al. [2] , the nuclei of renal cells were labeled via intravenous injection of Hoechst 33342, a blue-fluorescing, DNA-intercalating probe that labels all of the nuclei of the kidney independent of depth. Threedimensional image volumes were then collected from within the kidney of the living animal, using a Bio-Rad MRC-1024MP Laser Scanning Confocal/Multiphoton scanner (Hercules, CA) attached to a Nikon Diaphot inverted microscope (Fryer Co, Huntley, IL) with a water immersion objective (Nikon, 60x Plan Apochromat, NA 1.2). Fluorescence excitation was provided by a titaniumsapphire laser (Spectraphysics, Mountain View, CA) at a wavelength of 800 nm. The correction collar of the water immersion objective was adjusted to collar settings of 0.14, 0.17, and 0.19 mm. The mean Hoechst fluorescence from each plane was then measured and plotted as a function of depth, as shown in Fig. 3 . Similar to the previous study, the best results were obtained in the volume collected with the objective collar set to the largest value. While all three functions showed a similar shape, the images collected with a collar setting of 0.19 had a more consistent signal over a broader range of depths. In addition, signal levels were improved by approximately 50% at a depth of 35 lm. These results are again consistent with the hypothesis that the negative spherical aberration induced by using a water immersion objective to image into a sample whose refractive index is larger than that of water, can be compensated by adjusting the correction collar to introduce a positive spherical aberration into the system.
Conclusion
Although MPM has many advantages over confocal microscopy for deep tissue imaging, signal attenuation is still a problem limiting imaging depth to less than a millimeter. Many factors contribute to the attenuation of signal with depth, including scattering of illumination and signal, absorption of illumination and signal and optical aberrations.
Attenuation of illumination profoundly affects multiphoton fluorescence excitation, due to the quadratic dependence of fluorescence excitation on illumination power. To some degree losses of illumination can be compensated with increased laser power. However, it has been suggested that this may increase the focal volume, thereby degrading resolution [10] . The amount of power that may be added may also be limited by the laser, or more frequently by the effect of additional power on the tissue surface. One solution to this problem is to reduce the average power of the laser by reducing pulse frequency. It has been demonstrated in brain tissue that by reducing repetition frequency using a regenerative amplifier, imaging depth can be improved by two-thirds [8] . However, even in the absence of damage, the signal that may be reclaimed through increased power is limited by the quantity of fluorescence stimulated at the surface [8, 14, [34] [35] [36] . As laser power is increased to compensate for light losses to the focal point, it can reach levels sufficient to stimulate fluorescence at the surface, resulting in background fluorescence that approaches the levels of fluorescence stimulated at the deep focal point.
Previous studies have demonstrated that spherical aberration can also contribute to signal attenuation with depth in MPM. This has been indirectly demonstrated by the fact that both signal level [12, 24] and resolution [12] are significantly improved by more closely matching sample refractive index to that of the objective immersion medium.
Here we have combined analyses of point-spread functions with quantifications of signal attenuation with depth to demonstrate that spherical aberration significantly reduces signal levels collected at depth in kidney tissues.
In addition, we have demonstrated that negative spherical aberration that results from using a water immersion objective to collect images from living and fixed kidney tissue can be partially corrected by introducing a compensatory positive spherical aberration into imaging system, through adjustment of the objective correction collar. The effectiveness of this approach may vary with tissue type; correction collar compensation produced a more modest benefit when applied to MPM of skin [32] , perhaps due to the complex stratification of the skin. Additional methods for manipulating spherical aberration, including use of different immersion media, different thickness coverslips, and adaptive lens systems, may increase the range of tissues and depths that can be accommodated by spherical aberration compensation. The most complete (and most elaborate) solution to the problem of aberration of the focus may lie in adaptive optics systems, which have been demonstrated to improve resolution and signal level in refractive index mismatched samples [22, 25] and in living tissue [37] . 
